Electrical stimulation of nerve tissue and recording of neural electrical activity are the basis of emerging prostheses and treatments for spinal cord injury, stroke, sensory deficits, and neurological disorders. An understanding of the electrochemical mechanisms underlying the behavior of neural stimulation and recording electrodes is important for the development of chronically implanted devices, particularly those employing large numbers of microelectrodes. For stimulation, materials that support charge injection by capacitive and faradaic mechanisms are available. These include titanium nitride, platinum, and iridium oxide, each with certain advantages and limitations. The use of charge-balanced waveforms and maximum electrochemical potential excursions as criteria for reversible charge injection with these electrode materials are described and critiqued. Techniques for characterizing electrochemical properties relevant to stimulation and recording are described with examples of differences in the in vitro and in vivo response of electrodes.
INTRODUCTION
Current and emerging neural prostheses and therapies based on nerve stimulation and recording involve electrodes chronically interfaced to the central and peripheral nervous systems. Applications include upper and lower limb prostheses for spinal cord injury and stroke; bladder prostheses; cochlear and brain-stem auditory prostheses; retinal and cortical visual prostheses; cortical recording for cognitive control of assistive devices; vagus nerve stimulation for epilepsy and depression; and deep brain stimulation (DBS) for essential tremor, Parkinson's disease, epilepsy, dystonia, and depression. All require electrodes characterized by low impedance for recording or safe reversible charge injection for stimulation. The breadth of treatments involving electrical stimulation of neural tissue is reflected in the reviews by Li (10) , and Loeb (11) . The physiological basis of stimulation has been reviewed by Tehovnik and colleagues (12, 13) , McIntyre & Grill (14) , and Basser & Roth (15) . Applications employing recording electrodes for cognitively controlled prostheses have been reviewed by Lebedev & Nicolelis (16) , Friehs et al. (17) , and Donoghue (18) . Reviews of electrode materials and some aspects of the electrochemistry of stimulation and recording electrodes are found in Merrill et al. (19) and Robblee & Rose (20) . A comprehensive review of the literature on the foreign-body response to implanted electrodes and potential adverse consequences is provided in Polikov et al. (21) .
The present article reviews the electrochemical properties required for electrodes used in stimulation and recording of neural tissue with an emphasis on microelectrodes and their electrochemical characterization. Differences in the in vitro and in vivo properties of electrodes are Typical charge-balanced, current waveforms used in neural stimulation. The parameters vary widely depending on the application and size of the electrode. Waveform parameters usually falling in the range of I c (cathodic current), 1 μA − 10 mA; I a (anodic current), 1 μA − 10 mA; t c (cathodic half-phase period), 50 μs -4 ms; t ip (interphase dwell), 0 -1 ms; and t a (anodic half-phase period), 50 μs -10 ms.
Electrode potential (E): a thermodynamic quantity that measures the driving force for electrochemical reactions at the electrode-electrolyte interface A number of variations on biphasic current waveforms are possible and have been described (14, 19, 20, 23) . For physiological reasons, the leading phase is usually cathodal, although anodal-first pulsing may more efficiently activate populations of some neural elements (24, 25) . The use of a slight charge imbalance between the cathodal and anodal charges has also been proposed as a way of compensating for irreversibility in charge-injection processes (26, 27) .
The importance of a charge-balanced waveform in avoiding damage to electrodes and surrounding tissue has been recognized for many years (28) . Although the approach to achieving charge-balance often emphasized matching the charge in the cathodal and anodal phases of a pulse, it was also recognized that in practice this ideal was not always achieved. The underlying and critical objective of charge-balance is to maintain the electrode potential within a range that does not induce irreversible reduction and oxidation reactions that degrade the electrode, damage tissue, or otherwise limit the charge that can be delivered in a stimulation pulse. However, even if a stimulus pulse pair is charge-balanced, an electrode may be polarized during delivery of the pulse to a point that tissue or electrode-damaging irreversibility occurs. Thus, besides charge balance, stimulus waveforms must be limited to current and charge densities that allow charge injection by reversible processes, which inject cathodic or anodic charge at a finite rate.
The most common irreversible processes encountered with stimulation electrodes are electrolysis of water, with consequent pH changes and gas formation, electrode dissolution due to the oxidative formation of soluble metal complexes [typical of platinum (Pt) electrodes], or the breakdown of passivity and pitting or transpassive corrosion (typical of stainless steel electrodes). Oxidation of organics, such as glucose and tyrosine, or the reduction of oxygen is also possible at potentials encountered with stimulation electrodes under conditions of normal use. Other possible degradation reactions, such as saline oxidation, have been identified, but are not likely unless extremely imbalanced waveforms or large potential excursions are encountered. A comprehensive list of possible irreversible or harmful electrochemical reactions that might occur during stimulation is provided by Merrill et al. (19) and Robblee & Rose (20) . For neural stimulation electrodes, in vivo studies have identified Pt dissolution (29, 30) and iridium oxide delamination (31) as electrode degradation processes. Although there is considerable concern regarding tissue damage, the extent of tissue degradation induced by different irreversible processes is not well established.
The clinical usefulness of an electrical stimulation-based neural prosthesis depends on the ability to chronically provide safe levels of therapeutic stimulation. Electrical thresholds for eliciting useful functional responses in animals and humans have been determined for a number of prosthetic applications, and a selection is listed in Table 1 . The reported thresholds and functionally effective charge densities depend on many factors, and the values in Table 1 may reflect suboptimal electrode placement or the use of an electrically evoked physiological response as a measure of threshold, rather than a functional response.
In general, electrodes used in neural stimulation can be divided into two categories. Macroelectrodes exhibit high-charge/phase thresholds and low-charge density thresholds; they are typically placed on the surface of the target tissue and have a GSA larger than approximately 100,000 μm 2 (0.001 cm 2 ). Microelectrodes have the opposite behavior, exhibiting low-charge/phase thresholds and high-charge density thresholds. Microelectrodes typically penetrate the target and have surface areas that are smaller than approximately 10,000 μm
2 . An obvious advantage of microelectrodes is the ability to stimulate a comparatively small volume of tissue, which should, with a sufficient number of electrodes, improve the selectivity and spatial resolution of functional responses. Although this classification based on surface area is somewhat arbitrary, most stimulating electrodes fall into one or the other category. Macroelectrodes, with their modest charge-injection densities, do not typically corrode or exhibit stimulation-induced electrode degradation when subjected to clinically relevant levels of charge. The high-charge/phase levels, however, may induce tissue damage, which is generally more of a concern than corrosion with surface electrodes. For microelectrodes, charge densities are high and electrode degradation as well as tissue damage are encountered. The charge/phase and charge density each contribute to stimulation-induced tissue damage and both must be known to predict whether stimulation might be harmful to tissue (43) . An extensive study of safe and effective stimulation levels for surface and penetrating brain electrodes has been conducted at the Huntington Medical Research Institutes. These studies suggest a narrow safe window for penetrating microelectrodes (GSA ≤ 2000 μm 2 ) in the brain with charge/phase thresholds of ∼1 nC ph −1 for eliciting neuronal excitation in the feline cochlear nucleus and cerebral cortex (37, 44, 45) , whereas histologically observed tissue damage is absent at 2 nC ph −1 but present at 4 nC ph −1 (800 μC cm −2 ). Kuncel & Grill (40) reviewed functional and tissue damage thresholds for the macroelectrodes used in clinical DBS (GSA = 0.06 cm 2 ). The estimated charge density at these electrodes is <10 μC cm −2 (∼0.5 μC ph −1 ) at clinically effective levels, which is well below reported tissue damage thresholds for large-area electrodes. However, as pointed out by Kuncel & Grill (40) , most tissue damage thresholds have been determined at frequencies well below those employed in DBS, and caution should be exercised in extrapolating between different stimulation protocols.
PEDOT: poly(ethylenedioxythiophene) with microelectrodes implanted in close proximity to the target neurons, and, for single-unit recording, the microelectrode GSA should be no larger than approximately 2000-4000 μm 2 , and is typically much smaller. Such neural recordings, particularly from large ensembles of neurons, are the basis of prostheses that could provide cognitive control of external prosthetic devices to aid patients with paralysis (16, 18, 46) . Other applications for multielectrode neural recordings, in which the recorded neural signals determine the output of implanted stimulation electrodes, are also contemplated and include adaptive DBS (47) and functional stimulation for epilepsy (48) .
The objective with single-unit neural recording is to measure action potentials with a useful signal-to-noise ratio, ∼5:1 or greater, and to do this chronically. The amplitude of action potentials in the CNS can be quite large, more than 500 μV, but is more typically on the order of 100 μV, and often is smaller (49) (50) (51) (52) . In general, the majority of the noise signal encountered in single-unit recording arises from the multitude of undifferentiated background action potentials (neural noise). However, electrode impedance does contribute noise, and higher impedance electrodes are expected to have a lower signal-to-noise ratio. In addition, high electrode impedance in combination with the distributed capacitance between the electrode and the recording amplifier will reduce the electrodes' high-frequency response (53) .
A wide range of materials has been used for recording electrodes, including stainless steel, tungsten, platinum, platinum-iridium alloys, iridium oxide, titanium nitride, and poly(ethylenedioxythiophene) (PEDOT). Recording electrodes are typically characterized by their impedance at 1 kHz, which is quite variable, ranging in vivo from approximately 50 k to 1 M . Although current flow across the electrode-electrolyte interface is minimal for recording electrodes, and so there are no high-rate electrochemical challenges to the electrode, maintaining consistent neural recordings with chronically implanted microelectrodes has been difficult (21, 54) . The distance between a neuron and electrode, and the respective sizes of each, will always affect the quality of a neural recording. However, many other factors that include the impedance of the electrode and the thickness and composition of the connective tissue sheath surrounding the electrode are important and may vary with time following implantation. Fabrication and design difficulties with multielectrode arrays have contributed to the inconsistent performance, but the tissue response to the implanted electrode is probably the primary cause. The adverse tissue response can arise from insertion trauma (55) , an intrinsic foreign-body response to the electrode material (56) (57) (58) , or micromotion of the electrode (59, 60) .
Although in vitro studies have clearly shown that biomolecular and cellular interactions increase the impedance of recording microelectrodes (61) , in vivo studies suggest a less certain correlation between electrode impedance (at 1 kHz) and recording quality (52) . Instructively, in the study by Suner et al. (52) , single-unit recordings were obtained for up to 1.5 years in monkey motor cortex, with an average of 85 of 96 electrodes in one animal providing fair to good recordings, although the subset of electrodes providing the recordings varied over the course of the study. The lack of consistent performance of the single-unit recordings, which may have little to do with the properties of the electrodes themselves, has led to the adoption of cortical ensemble or multiunit recording methods to provide more stable control signals for prosthetic devices (62, 63) .
A more biologically based approach to establishing a recording interface with neurons has been described by Kennedy and colleagues (64, 65) . A section of sciatic nerve or neurotrophic factor is incorporated into a hollow glass cone containing a metal wire electrode. The neuro-attractive elements promote ingrowth of neurites into the cone, and these electrodes have been used for neural recording in both chronic animal and human studies (66) . Although the cone electrodes are not recent in their development, they presage a variety of tissue engineering approaches to promoting chronically stable nerve-electrode interfaces (67-69). 
CHARGE-INJECTION MECHANISMS AND ELECTRODES FOR STIMULATION
Electrodes are metallic conductors and reactions at the electrode-tissue interface are required to mediate the transition from electron flow in the electrode to ion flow in the tissue. These reactions can be capacitive, involving the charging and discharging of the electrode-electrolyte double layer, or faradaic, in which surface-confined species are oxidized and reduced. Capacitive charging can be either electrostatic, involving purely double-layer ion-electron charge separation and electrolyte dipole orientation, or electrolytic, involving charge stored across a thin, high-dielectric-constant oxide at the electrode-electrolyte interface. Faradaic reactions involve the transfer of an electron across the electrode-electrolyte interface and require that some species, on the surface of the electrode or in solution, undergo a change in valence, i.e., are oxidized or reduced. For noble metal electrodes, primarily Pt and PtIr alloys, the faradaic reactions are confined to a surface monolayer, and these reactions are often described as pseudocapacitive, although electron transfer across the interface still occurs (70) . Charge can also be stored and injected into tissue from valence changes in multivalent electrode coatings that undergo reversible reduction-oxidation (redox) reactions. These coatings, which are typified by iridium oxide, but include newer materials such as poly(ethylenedioxythiophene), are mixed conductors, exhibiting both electron and ion transport within the bulk of the coating. The three-dimensional structure of the coatings provides more charge for stimulation, but access to this charge is limited by the rate of electron and ion transport within the coating.
The nature of the reactions that provide charge injection is shown schematically in Figure 2 for the most commonly employed capacitive, monolayer faradaic (pseudocapacitive), and coatingbased faradaic charge-injection electrodes. Each charge-injection mechanism is described in more detail in the following sections using those electrode materials that are currently being used for neural stimulation as illustrative examples. Some relevant properties of electrode materials are collected in Table 2 .
Capacitive Charge-Injection Materials
In principle, capactive charge-injection is more desirable than fardaic charge-injection because no chemical species are created or consumed during a stimulation pulse. Because the double-layer charge per unit area at an electrode-electrolyte interface is small, high charge-injection capacity is only possible with capacitor electrodes that are porous or employ high dielectric constant coatings. Both strategies have limitations.
Titanium nitride. Titanium nitride (TiN) is a chemically stable metallic conductor with good biocompatibility. Charge is injected through the electrode-electrolyte double layer, and large charge-injection capacities (Q inj ) are obtained by fabricating electrodes with a high surface roughness such that the ESA greatly exceeds the GSA. In many respects, porous TiN exhibits the ideal features elucidated by Guyton & Hambrecht (80) and Rose et al. (76) for intracortical capacitor electrodes, with the difficulty of obtaining high ESAs in microelectrodes of small GSA being overcome by the use of sputter deposition to produce a highly porous (sometimes called fractal) geometry. An example of the porous morphology of a high surface area sputtered TiN electrode is shown in Figure 3 . Weiland et al. (78) have reported an in vitro charge-injection capacity of 0.9 mC cm −2 (0.5-ms pulse width) for 4000 μm 2 TiN electrodes. This is less than the charge injection capacity of some faradaic electrode coatings, such as iridium oxide, but higher charge capacities may be possible with TiN electrodes having a higher ESA/GSA ratio. 
Figure 2
Capacitive (TiN), three-dimensional faradaic (iridium oxide), and pseudocapacitive (Pt) charge-injection mechanisms. Scanning electron micrograph of the porous surface of sputtered TiN that gives rise to a high ESA/GSA ratio.
CV: cyclic voltammetry
Charge storage capacity (CSC): the total amount of charge per unit GSA available from an electrode. Cathodal (CSC c ) and anodal (CSC a ) values can be defined limits for avoiding irreversible reactions on TiN are wider than those for Pt or Ir oxide, with water reduction and oxidation potentials of −0.9 V and 0.9 V (versus Ag|AgCl), respectively, as measured by slow-sweep-rate cyclic voltammetry (CV). Fractal TiN, with a very high ESA, is used extensively as a coating for cardiac pacing electrodes, primarily because the electrode polarization during a pacing pulse is minimal, allowing the electrode to sense the cardiac contraction in the interpulse period (81, 82) . Porous TiN electrodes, and equivalently any electrode with a high ESA/GSA ratio, have a large charge storage capacity (CSC) as measured at low rates by slow-sweep-rate CV. However, under the high rate, high current density conditions of a neural stimulation pulse, access to all the available charge is limited by pore resistance (82) (83) (84) . For all high-surface area electrodes, pore resistance imposes a geometric limitation on the increase in charge-injection capacity that can be obtained by increasing the ESA/GSA ratio. A schematic view of a pore and electrolyte in a porous electrode coating is shown in Figure 4 . The electrolyte resistance and capacitance on the interior surface of the pore combine to form a delay-line with a time-constant defined by the pore geometry, electrolyte resistivity, and the interfacial double-layer capacitance. The consequence of this time-constant is that the total ESA of the electrode is not accessed at the current densities encountered during stimulation. Narrower and deeper pores give rise to higher time-constants, and their charge-injection capacity is more difficult to access than that of electrodes with shallow pores.
A useful feature of TiN is the intrinsic chemical and mechanical stability of the coating. TiN is not sensitive to dehydration, can be sterilized by common methods, and is easily stored and shipped, wet or dry. Porous TiN also may be patterned photolithographically and is suitable for flexible substrates, making it a candidate for intracortical silicon microprobes, retinal electrode arrays, and some nerve cuffs designs.
Tantalum/tantalum oxide. The charge-injection capabilities of a capacitor electrode can be increased beyond that available from the charge in the electrode-electrolyte double layer by the use of a dielectric coating. Tantalum/tantalum oxide capacitor electrodes have been the most extensively studied for nerve electrodes, and their use has been reviewed by Rose et al. (76) . To achieve useful levels of charge-injection, a large ESA/GSA ratio is still required, and the high-rate charge-injection capacity is limited by pore resistance. Valve metal capacitor electrodes, primarily Ta/ Ta Schematic view of a pore cross-section showing the pore resistance (R1..R3) and double-layer capacitance (C1..C3) elements that give rise to a delay-line and time-constant for accessing all the ESA and its associated double-layer capacity.
in achieving adequate ESA/GSA ratios, limited charge-injection due to pore resistance, and the need for relatively high bias voltages (>4 V) in the interpulse period (77) . However, Ta/Ta 2 O 5 has been used successfully as a combination electrode and charge-storage element in the Bion TM implantable stimulator (85, 86) .
Faradaic Charge-Injection Materials
The reduction and oxidation reactions at faradaic electrodes provide high levels of charge for stimulation. However, changes in the electrolyte composition adjacent to the electrode and the finite rate of faradaic reactions can lead to irreversible processes that cause electrode or tissue damage. The selection of charge injection waveforms for stimulation must be carefully considered to avoid these damaging reactions.
Noble metals. The noble metals of choice for neural stimulation are Pt and PtIr alloys. These metals inject charge by both faradaic reactions and double-layer charging. The relative contribution of each process depends on the current density and pulse width, although the faradaic processes predominate under most neural stimulation conditions. In early work, Brummer & Turner (28) determined Pt charge-injection limits of 300-350 μC cm −2 based on double-layer charging, the reversible faradaic processes of hydrogen atom deposition and oxidation, and surface oxidation AIROF: activated iridium oxide film and reduction. However, these limits were determined at lower current densities (<0.45 A cm −2 ) and longer pulse widths (>0.6 ms) than are generally employed in neural stimulation. Using 0.2-ms pulses, Rose & Robblee (71) determined limits of 50-150 μC cm −2 to avoid reduction or oxidation of water that occur at approximately −0.6 V and 0.8 V (Ag|AgCl), respectively, at pH 7. Cogan et al. (87) , in an in vitro study of PtIr-alloy microelectrodes, found a bias-dependent, cathodal charge-injection limit, based on avoiding water electrolysis, that increased from 90 μC cm −2 to 300 μC cm −2 as the bias was increased from 0.1 V to 0.7 V (Ag|AgCl). Although the use of a positive interpulse bias to increase cathodal charge-injection limits is well established for activated iridium oxide films (AIROFs) (72, 73) , the long-term stability of PtIr or Pt at bias levels that are positive of the equilibrium potential of the metal is unknown. Donaldson & Donaldson (88, 89) provided an interesting historical background to the development of Pt electrodes with a pragmatic view of charge-balanced waveforms, reflecting earlier comments that limiting the electrode potential to within safe limits is a more important objective than achieving a well-balanced waveform. It may also be easier electronically to design pulse generators to avoid electrode potential excursions beyond the water window than to ensure that the stimulus is precisely charge-balanced.
In vivo, a Pt electrode establishes a rest potential of approximately 0 V versus Ag|AgCl (90) , and the total charge available for cathodal stimulation is reduced to that between 0 V and −0.6 V (Ag|AgCl). Thus Pt or PtIr alloy electrodes, which have a theoretical charge-injection capacity of 300-350 μC cm −2 , can only inject ∼100 μC cm −2 without exceeding the water reduction potential (71, 87) . Although the charge-injection limits of Pt are based on avoiding electrolysis of water, Pt dissolution can occur at lower charge densities. For example, Pt dissolution was observed in vivo at charge densities of 20-50 μC cm −2 and dissolution rates of 38 ng h −1 were measured with 0.1 cm 2 smooth Pt electrodes pulsed at 100 μC cm −2 (30) . Adsorbed protein markedly reduces Pt dissolution, so lower dissolution rates are expected in vivo compared with in vitro pulsing at equivalent charge levels (91, 92) .
The cochlear implant, perhaps the most successful neural prosthesis, employs Pt as a stimulation electrode; the electrodes are large, and typical charge densities do not exceed 20 μC cm −2 (90 nC ph −1 , GSA ∼ 0.4 mm 2 ) when using biphasic, charge-balanced current pulses. With a view to providing a large number of small-area charge-injection sites on cochlear electrode arrays, Tykocinski et al. (93) investigated high ESA/GSA ratio (HiQ) Pt electrodes. The HiQ electrodes were effective in reducing electrode polarization during stimulation and also reduced the magnitude of the current flowing between pulsed electrode pairs that were shorted during the interpulse period. More recent efforts to employ moderately porous films of Pt that can inject charge at >1 mC cm −2 have also been reported (94) . These "Pt gray" films have the advantage of improved abrasion resistance relative to the more familiar Pt black, which is rarely used for neural stimulation.
Iridium oxide. Noble metal alloys may be used for intracortical or intraspinal stimulation, but their charge-injection capacities are marginal for applications requiring stimulation with microelectrodes. The need for microelectrodes with higher charge-injection capacities led to the development of faradaic electrode coatings based on films of hydrated Ir oxide (95) . The first Ir oxide coatings were formed by electrochemical activation of Ir metal to form AIROFs (see AIROF Activation sidebar). By repeated oxidation and reduction of Ir, a hydrated oxide film can be formed on the metal surface that greatly increases its ability to inject charge by a fast and reversible faradaic reaction involving reduction and oxidation between the Ir 3+ and Ir 4+ states of the oxide (96) . The ability of Ir oxide to inject charge efficiently during pulsing at high charge density can also be increased by applying a positive bias of 0.4-0.8 V (versus Ag|AgCl) in the interpulse period (72 
AIROF ACTIVATION
A typical Ir activation protocol involves rectangular potential pulsing between limits of −0.6 V and 0.85 V versus Ag|AgCl in phosphate buffered saline (PBS) at pH 7.4. The pulse frequency can range from 1 Hz to 0.05 Hz, corresponding to a half-phase pulsewidth of 0.5 s and 10 s, respectively, at each potential limit. The rate at which the cathodal charge storage capacity (CSC c ) increases with pulsing varies with the GSA of the electrode, the pulse frequency, and the potential limits. The CSC c increases approximately linearly with the number of pulses, with rates of 0.02-0.05 mC cm −2 -pulse being typical. For example, a 2000 μm 2 Ir electrode activated in PBS between limits of −0.6 and 0.85 V at 0.25 Hz reaches a CSC c of 25 mC/cm 2 after 900 pulses. Large electrodes activate more slowly than small electrodes and low frequency pulsing promotes more uniform activation. The use of a well-buffered electrolyte, such as PBS, is necessary to obtain useful activation rates and, consequently, in vivo activation of iridium is difficult. AIROF electrodes fabricated from polymer-insulated iridium wire, similar to that shown in Figure 5 , are used extensively for stimulation studies in cerebral cortex and spinal cord (39, 45, 97) . AIROF electrodes are also used on silicon microprobes fabricated by thin-film silicon micromachining technology (98) . With Si microprobes, the AIROF is formed by activation of sputtered Ir metal films with no apparent difference in properties between AIROF formed from wire or thin-film coatings. AIROF coatings have been used clinically for acute and short-term chronic (four month) studies of intracortical stimulation of the visual cortex (35, 99) . There was significant attrition of electrodes in the chronic study due to breakage of lead wires, but intact electrodes could generate phosphenes over a four-month period.
is substantially more electronically conducting and makes available more Ir 4+ for reduction during cathodal pulsing. At least a factor of three increase in charge capacity can be realized with anodic biasing (73) .
Ir oxide films can also be formed by reactive sputtering from Ir metal in an oxidizing plasma. Sputtered iridium oxide films (SIROFs) have been investigated for neural stimulation electrodes by Klein et al. (100) who assessed the relationship between sputtering conditions, charge capacity, and surface morphology of SIROFs. In these early studies, no charge-injection limits for current pulsing were reported, although extensive control of film morphology was demonstrated. More
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Figure 5
An AIROF microelectrode for intracortical stimulation and recording. electrodes (100 nC ph −1 ) using 400-μs pulses and a 0.6 V versus Ag|AgCl interpulse bias. The maximum SIROF charge-injection capacity (Q inj ) exhibits a similar bias dependence as AIROF but, advantageously, maintains a notably higher charge-injection capacity at more negative potentials (<0.4 V versus Ag|AgCl).
Emerging Materials
Recently, intrinsically conducting polymers and carbon nanotubes have emerged as alternatives to Pt, Pt alloys, Ir oxide, and TiN as materials for chronic stimulation and recording. An important aspect of these new materials is the possibility of chemical surface modification with physiologically active species to enhance the biocompatibility and the functionality of the electrodes.
Poly(ethylenedioxythiophene).
PEDOT is an electrically conducting polymer (ECP) that, like iridium oxide, exhibits both electronic and ionic conductivity. Early work on ECPs for neural stimulation focused on polypyrrole and was not promising. For example, films of polypyrrole electropolymerized on Pt exhibited poor rate capability, requiring a 5-ms pulse to inject 250 μC cm −2 during controlled current pulsing, and delaminated from the Pt at higher charge densities. An improvement in charge-injection capacity and stability was obtained with anthraquinone modifications to the polypyrrole, but pulse widths of 10 ms were still required to inject reasonable charge levels (1.3 mC cm −2 ) (103). The emergence of Ir oxide and TiN, with their clearly superior charge injection capabilities, ended interest at that time in ECPs for neural stimulation.
There has been a recent resurgence in the study of ECPs for nerve electrodes with emphasis on their modification with biomolecules to enhance biocompatibility and provide a biologically active interface between the electrode and tissue (104, 105) . PEDOT has emerged as the most promising of the ECPs (106) . Anion doping of PEDOT (i.e., PEDOT + A − formation) is necessary to obtain the high electronic conductivity required for low-impedance recording or for charge-injection, with most studies employing poly(styrene sulfonate) (PSS) as the dopant, which is incorporated into the polymer during the electropolymerization process. The PSS is physically entrained in the PEDOT and forms a charge-transfer complex that results in oxidation of the PEDOT and consequent high electronic conductivity. A significant reduction in electrode impedance is obtained with PEDOT-PSS coatings, and neural recordings from PEDOT-coated microelectrodes have been demonstrated in chronic studies (107) . Extensive control of the morphology, incorporation of biomolecules, and the possibility of in vivo polymerization of PEDOT have been demonstrated (108) (109) (110) .
The charge-injection capabilities of PEDOT for neural stimulation have only been briefly reported. Nyberg 
small neurons. Whether PEDOT injects charge by capacitive or faradaic processes depends on the potential range over which the electrode is driven during pulsing. For potentials more positive than −0.6 V Ag|AgCl, capacitive charge-injection may dominate, although the details of the charge-injection processes in PEDOT at high current densities have not been fully explored.
Carbon nanotubes. Carbon nanotubes are attractive as neural electrodes because of the high ESA/GSA ratio inherent in the nanotube geometry, which gives rise to a large double-layer charge capacity. For neural stimulation, Wang et al. (112) have found charge-injection capacities of 1-1.6 mC cm −2 with vertically aligned nanotube electrodes, and work on the development of nanotube and nanofiber neural interfaces has been reported (113) . Carbon nanotubes may also be chemically modified to enhance biocompatibility or provide other functional properties (114) .
ELECTRODE CHARACTERIZATION
The common techniques for electrochemical characterization of nerve electrodes are CV, impedance spectroscopy, and potential transient measurements. These techniques can be applied in vitro or in vivo and are described below with illustrative examples.
Cyclic Voltammetry
CV is a three-electrode measurement in which the potential of a test electrode, with respect to a noncurrent-carrying reference electrode, is swept cyclically at a constant rate between two potential limits while allowing current to flow between the test electrode and a counterelectrode. The potential provides the driving force for reactions at the test electrode, while the current is proportional to the rate of these reactions. CV identifies the presence of electrochemical reactions and provides information on the reversibility of the reactions, the quantity of electroactive material on the electrode, and the stability of the electrode. It is important to appreciate that the CV response, for any electrode material, can appear very different depending on the sweep rate, the geometric area of the electrode, and the roughness of the electrode, even though the electrochemical reactions are unchanged.
It has become common practice to characterize stimulation electrodes by their cathodal CSC (CSC c ). The CSC c is calculated from the time integral of the cathodic current in a slow-sweep-rate cyclic voltammogram over a potential range that is just within the water electrolysis window. For Pt and Ir oxide electrodes, the water window is typically taken as −0.6 V to 0.8 V versus Ag|AgCl. The shaded region in the AIROF CV in Figure 6 represents a CSC c of 23 mC cm −2 , calculated at a sweep rate of 50 mV s −1 , noting that the potential axis is related to time through the sweep rate.
Cyclic voltammograms obtained in phosphate buffered saline (PBS) from identically sized macroelectrodes of Pt, SIROF, and a smooth sputtered TiN film are compared in Figure 7 . The TiN voltammogram has the approximately rectangular shape that is expected for an electrode exhibiting only double-layer capacitance. The Pt CV exhibits distinct peaks associated with the oxidation and reduction of a surface oxide (peaks 1 and 2, respectively) and hydrogen-atom plating and stripping (peaks 3 and 4, respectively). Double-layer charging also contributes to the capacity of the Pt and is apparent around −0.2 V in Figure 7 , where there are no obscuring faradaic processes. The significantly higher charge storage capacity obtained with three-dimensional electrode coatings is reflected in the CV of the SIROF electrode. Although the SIROF is only ∼10 nm thick, it has more than five times the available charge for the same GSA. The SIROF CV has a rectangular shape suggestive of capacitive behavior, but the charge is substantially faradaic involving the reversible Ir 3+ /Ir 4+ couple (115) . The CSC c of the electrodes in Figure 7 are 250 μC cm −2 , 550 μC cm −2 , and 2.8 mC cm −2 for TiN, Pt, and SIROF, respectively. The CSC c is essentially a measure of the total amount of charge available for a stimulation pulse. However, the CSC c , which is obtained under low-current-density, near-equilibrium conditions, has limitations as a predictor of charge-injection capacity for neural stimulation. As described previously for Pt, an implanted electrode establishes an equilibrium potential that is intermediate between the upper and lower potential limits used to generate the cyclic voltammograms for the CSC c integration. AIROF, for example, has an in vivo equilibrium potential close to 0.0 V (Ag|AgCl), and without the use of a positive bias provides only a modest advantage over Pt for stimulation (87) . Other factors, such as pore resistance and activation overpotential, which are most relevant at high current densities, also reduce the charge-injection capacity of an electrode relative to the CSC c . With typical stimulation parameters, between 5%-20% of the equilibrium CSC c of AIROF can be delivered in a cathodal current pulse without exceeding the water reduction potential.
An instructive example of how the dependence of CSC c on sweep rate may be used in vivo to assess the condition of an electrode is shown in Figure 8 . In this example, a single-shaft, Parylene-insulated AIROF microelectrode is implanted in cat cortex. The electrode has a GSA of ∼2000 μm 2 (see Figure 5 ). CVs were acquired at 50 mV s −1 and 50,000 mV s −1 within one day following implantation and after six weeks using an implanted Ag|AgCl reference and Pt counterelectrode. At the 50 mV s −1 sweep rate, at currents of <40 nA, there is a pronounced increase in the apparent CSC c of the microelectrode after six weeks. However, for the same A comparison of the difference in response of 50 mV s −1 and 50,000 mV s −1 CVs of an AIROF microelectrode implanted in cat cortex within one day following implantation and six weeks after implantation. The 50 mV s −1 CV increases in capacity due to electrolyte leakage under the Parylene insulation, whereas tissue encapsulation reduces the CV capacity at 50,000 mV s −1 .
electrode at 50,000 mV s −1 there is pronounced decrease in CV charge capacity over six weeks of implantation. The explanation for this observation is provided schematically in Figure 8 . Over the six-week period, electrolyte penetrates under the Parylene insulation, increasing the effective area of the electrode and correspondingly increasing the 50 mV s −1 CSC c . At the high sweep rate, however, pore resistance limits the accessibility of the electrode area under the insulation and the CV provides information only on the exposed electrode tip. In this example, which was typical of a large number of electrodes in this study, biomolecule absorption or tissue encapsulation resulted in a decrease in the 50,000 mV s −1 CSC c. Thus, CVs at high sweep rates provide information primarily on exposed areas of the electrode, whereas CVs at slow sweep rates include contributions from more occluded areas of the electrode. For AIROF electrodes, a very distinctive change in the shape of the CV (50 mV s −1 ) also occurs when the electrode is overpulsed to potentials more negative than −0.6 V (Ag|AgCl). The shape change is observed in vitro and in vivo and has been attributed to delamination or microcracking of the AIROF (31, 116) .
Impedance Spectroscopy
Electrochemical impedance spectroscopy (EIS) involves measuring the electrical impedance and phase angle obtained with sinusoidal voltage or current excitation of the electrode. The measurement is made over a broad frequency range, typically <1 Hz to 10 5 Hz, and the magnitude of the excitation is sufficiently small that a linear current-voltage response is obtained at each frequency. For voltage excitation, the root-mean-square magnitude of the excitation source is typically ∼10 mV, and generally not more than 50 mV. EIS spectra are probably most valuable in assessing the recording capabilities of microelectrodes and, because the voltage excursions at the electrode are small, may also be a useful and benign method for the in vivo assessment of an electrode.
Impedance spectroscopy can be used to investigate both tissue and electrode properties. The resistive contribution of tissue conductivity to the overall electrode impedance is estimated from the impedance measured at high frequency, where the contribution to the impedance due to charge transfer at the electrode-tissue interface is negligible. This is shown in Figure 9 in the Bode plots of impedance magnitude versus frequency for an AIROF microelectrode in PBS with three different NaCl concentrations (12.6, 126 , and 252 mM, corresponding to ionic conductivities of 2.2, 12.1, and 24 mS cm −1 , respectively) but with the same buffer concentration. The highfrequency (10 5 Hz) impedance increases with decreasing electrolyte conductivity, whereas the lowfrequency charge transfer impedance is unchanged. The opposite effect is observed with constant ionic conductivity but different buffer strength, as shown by the comparison in Figure 10 of the same AIROF electrode in PBS and unbuffered NaCl. The high-frequency impedance is the same in both electrolytes, reflecting the same ionic conductivity, whereas the impedance at low frequency is higher in the unbuffered electrolyte due to the reduced availability of H + or OH − as counterions.
The benefit of high-charge-capacity coatings in reducing the charge-transfer resistance of electrodes is shown by the Bode plots in Figure 11 for smooth and porous TiN electrodes in a PBS electrolyte with identical shape and GSA. Both electrodes exhibit the same high-frequency impedance, whereas a marked reduction in low-frequency impedance is observed with the porous coating. Over a frequency range of 0.2-10 5 Hz, the porous film exhibits a near-resistive phase angle (approaching 0
• ) and an impedance modulus (|Z|) that is almost entirely solution resistance. A similar response is shown in Figure 12 for SIROF-coated electrodes as a function of thickness of the SIROFs. It might be noted that the impedance of electroactive coatings can be a strong function of electrode potential. For example, both iridium oxide and PEDOT electrodes show 
Figure 9
Impedance of an AIROF microelectrode (GSA = 940 μm 2 ) in three electrolytes of different ionic conductivities but fixed phosphate buffer concentration. The conductivities are determined by the NaCl concentrations of 12.6, 126, and 252 mM for the 2.2, 12.1 and 24 mS cm −1 conductivities, respectively. Impedance of an AIROF microelectrode (same as Figure 9 ) in PBS and unbuffered saline of similar ionic conductivities. The low-frequency charge-transfer impedance increases with decreasing buffer because of reduced availability of H + and OH − counterions. 
μm
Figure 11
Comparison of the impedance of a smooth and porous TiN film demonstrating the reduction in impedance realized with a highly porous electrode coatings.
a large increase in impedance at negative potentials, below approximately −0.2 V (Ag|AgCl) for AIROF and −0.6 V (Ag|AgCl) for PEDOT. In the reduced state, both materials have low electronic conductivity, which is reflected in the impedance spectra. SIROF impedance is less sensitive to potential.
Voltage Transients
Voltage transient measurements are frequently used to estimate the maximum charge that can be injected in a current-controlled stimulation pulse. For in vitro measurements, the voltage transient is typically recorded in a three-electrode configuration using a large-area return electrode and a noncurrent-carrying reference electrode. The voltage transients are analyzed to determine the maximum polarization, both the most negative (E mc ) and most positive (E ma ), across the electrodeelectrolyte interface. These potential extremes are then compared with established maximum potentials beyond which it is considered unsafe to polarize the electrode. Examples of maximum potential limits for typical stimulation electrode materials are provided in Table 2 ; these are typically water oxidation and reduction potentials. Impedance of SIROF coatings on PtIr macroelectrodes as a function of thickness.
An example of a voltage transient in response to a biphasic, symmetric current pulse is shown in Figure 13 . There are several elements that contribute to the voltage transient, and these must be accounted for in the calculation of E mc and E ma . The contributing factors are the ohmic voltage drop (i c R i , R i = electrolyte resistance) arising from the ionic conductivity of the electrolyte, the concentration overpotential (η c ), the activation overpotential (η a ), and the shift in the equilibrium potential of the electrode ( E o ) (see Activation Overpotential and Concentration Overpotential sidebars). The voltage transient is the sum of these,
where η c , η a , and E o have some time dependence. Only η a and E o contribute to the polarization across the electrode-electrolyte interface ( E p ), and it is the E p relative to the potential of the electrode at the onset of the current pulse (the interpulse potential, E ipp ) that determines E mc or
ACTIVATION OVERPOTENTIAL
The activation overpotential (η a ) is the voltage drop at the electrode-electrolyte interface necessary to maintain a net current flow when the current is provided by reduction or oxidation reactions. The current overpotential relationship is often described by the Butler-Volmer equation. Activation overpotential contributes to the driving force at the interface and can thus generate undesirable side reactions.
CONCENTRATION OVERPOTENTIAL
The transport of electroactive species-reactants or counterions-to an electrode in response to current flow creates a concentration gradient between the surface of the electrode and the bulk electrolyte. A voltage drop occurs in the electrolyte that is determined by the difference in equilibrium potential of the electrode reaction at the two concentration extremes. If, for example, the reduction of Ir oxide during a cathodal current pulse is governed by the reaction,
the local pH change introduces a OH − concentration gradient between the surface of the electrode and bulk electrolyte, resulting in a concentration overpotential (η c ). The magnitude of the overpotential can be estimated from the Nernst equation (117), which for the reaction above would indicate a 59 mV pH −1 -unit shift in potential as the pH adjacent to the Ir oxide changes. The pH changes during current pulsing can be significant, with a calculated extreme of pH = 11 during 0.2-ms cathodal pulsing (122) and a corresponding η c of 0.24 V. For cathodal pulsing, the overpotential results in a more negative voltage transient. E ma . Thus, for a cathodal current pulse,
where the access voltage V a is taken as the near-instantaneous voltage change at either the onset of the current pulse or immediately after the current pulse is terminated. V a can include overpotential terms as well as the electrolyte i c R i drop, and this introduces uncertainty into the value of E p . For example, with conical AIROF microelectrodes (Figure 5 ), the V a measured from voltage transients is generally larger than the ohmic voltage drop in the electrolyte calculated using a spherical electrode approximation (117) . The estimated i c R i in one study was typically 80% of the measured V a , and as much as 20% of V a may actually contribute to the potential drop across the interface (118) . However, the approach to determining electrode polarization using V a appears to predict electrode potentials fairly well based on the observation of electrode damage when exceeding water reduction potentials on AIROF (31) and correlations with potential-dependent impedance changes in AIROF and PEDOT. Charge-injection limits of Pt, PtIr, the Ir oxides, TiN, and PEDOT have all been determined using various voltage transient analysis methods. There are additional considerations and limitations to the use of voltage transient measurements for determining charge-injection limits. First, the electrode's charge-injection capacity is highly dependent on current density, and measurements must be made at each current density of interest. This is shown in Figure 14 for an AIROF microelectrode pulsed at 48 nC phase the higher current density. A relevant observation from Figure 14 is the behavior of the potential in the interphase region when i = 0. The AIROF was pulsed from a fixed E ipp of 0.6 V, and the charge/phase was constant at each pulse width. Therefore, the equilibrium potential of the electrode (E o ), measured approximately 1.1 ms after the end of the pulse and before the anodic recharge back to E ipp , should be nearly equal for all pulse widths, which it is (E o = 0.25-0.28 V). If the E o value were significantly different at different pulse widths, it would imply irreversibility in the charge-injection, presumably at the higher current densities.
An additional limitation of voltage transient measurements is the nonuniform current distribution that leads to larger potentials at the edge of disk-shaped electrodes and at the tips of conical penetrating electrodes. The potential measured with a distant reference electrode is an average across the surface of the stimulation electrode, and some regions of the stimulation electrode will be at a more extreme potential. For porous or three-dimensional electrodes, there is an additional nonuniformity in potential through the thickness of the electrode coating. Studies have shown that the nonuniform current and potential distributions can be quite large (119) . An additional observation from Figure 14 is that the electrode potential in the interphase period recovers from E mc to E o rapidly. This recovery is due to the internal equilibration of the nonuniformly reduced AIROF, which rapidly reaches a uniform potential (E o ) throughout film. In addition, counterion concentration gradients within the porous AIROF and the adjacent electrolyte dissipate as prepulse concentration levels are reestablished by diffusion. There is a corresponding change in the electrode potential (a concentration overpotential) that also contributes the potential shift in the interphase period.
A practical issue in determining E mc or E ma is the difficulty in accurately measuring V a . Factors such as current-pulse rise times and stray capacitance can make identification of V a difficult. An alternative strategy is to measure the potential excursion at the onset of the interphase period when i = 0, as shown in Figure 13 . The latter approach has the advantage of accounting for changes in the ohmic resistance of the electrode during the course of a stimulation pulse. As noted previously, Ir oxide and PEDOT exhibit a potential-dependent increase in electronic resistance as the films are reduced. In Figure 15 , V a at the onset and end of a current pulse are shown for an AIROF microelectrode as a function of current and charge/phase. At a current of 200 μA, the initial and final V a 's deviate, with V a at the end of the pulse becoming significantly larger, and it would be incorrect to use the initial rather than the final V a in Equation 2 to calculate E mc . The 
Figure 15
Comparison of the initial and final V a for an AIROF microelectrode showing the large V a at the end of the current pulse when the AIROF is reduced.
point of deviation corresponds to a calculated E mc of approximately −0.2 V (Ag|AgCl), which is close to the potential at which AIROF transitions to the high-impedance state. The same behavior is observed for PEDOT, with a deviation occurring at −0.6 V, also corresponding to the onset of the high-impedance state.
Temperature effect. The ionic conductivity of an electrolyte and the rate constants of redox reactions at faradaic electrodes depend on temperature. Comparison of in vitro voltage transients of an AIROF microelectrode pulsed at 20
• C and at 37
• C in PBS revealed a decrease in R a from 5360 (20 • C) to 4052 at 37
• C (calculated from the initial V a ). The electrode polarization under constant current pulsing was also reduced at the higher temperature, with a corresponding increase in charge injection capacity from 1.67 mC cm −2 at 20 • C to 2.0 mC cm −2 at 37 • C (0.1-ms pulse width). The dependence of Q inj on temperature is significant and emphasizes the importance of testing at body temperature. Porous and multilayer electrodes, such as Ir oxide and porous TiN, are probably most sensitive to temperature effects because of transport limitations within these films.
Electrode size. Geometry and area affect charge-injection capacity measurements because of the nonuniform current distribution that localizes the charge-injection reactions to the perimeter or tip of an electrode. With short duration current pulses, the central regions of circular electrodes are underutilized and a lower overall maximum charge-injection density results. Area is also an important consideration because, as the electrode size is reduced, the electrode dimensions become smaller than the diffusion layer, the region around the electrode which deviates from bulk composition as current flows. For microelectrodes, the transport of counterions is facilitated by the small electrode size and reaction rates are less transport limited, with significantly higher charge-injection densities observed in voltage transient studies. This is shown in Figure 16 Charge-injection capacity as a function of electrode area. The importance of nonuniform current distributions and transport limitations in determining Q inj are reflected in the area dependence.
the properties of stimulation electrodes, with the microelectrode (GSA = 1960 mm 2 ) exhibiting a factor of three higher Q inj than the macroelectrode (125,600 μm 2 ) even though the SIROF coating is identical on both.
CHARGE INJECTION WAVEFORMS
This section discusses common strategies for providing stimulation waveforms. In all cases, the charge-balancing strategies can maintain the E ipp of the electrode within a potential range that avoids electrode or tissue damage, but, as discussed above, this is a necessary but not sufficient condition for safe stimulation. Large potential excursions driven by high current densities during a pulse, including any charge-balancing second-phase pulses, can also be harmful to the electrode and tissue.
Monophasic Pulsing with Shorting to the Return Electrode
In stimulation devices employing a return electrode that is many times larger than the stimulation electrode, it is possible to short the stimulation and return electrodes in the interpulse period. This is the passively charge-balanced strategy described by Donaldson & Donaldson (88, 89) . Because the return electrode is large, its potential does not change significantly with pulsing, and shorting poises the potential of the stimulation electrode to that of the return electrode in a manner analogous to a galvanic couple in which one electrode is nonpolarizable. This waveform is not necessarily balanced in the sense that the charge in the leading current pulse is equal in magnitude to the charge required to reestablish the poised potential. However, the stimulation electrode potential is always maintained between E mc (for cathodal-first pulsing) and the return electrode potential, and, provided E mc is within a safe operating range, the pulsing should not be harmful. A limitation of this strategy is the time required to reestablish the poised potential. If the pulse frequency is too high, there will be insufficient time between pulses to reestablish the potential, and significant and damaging polarization at the stimulation electrode may be encountered.
Monophasic Capacitor-Coupled Pulsing
With this waveform, charge is injected as a monophasic rectangular current pulse through a capacitor (Figure 1c) . After the initial pulse, the capacitor is discharged in the opposite direction using external switches that connect the capacitor across the stimulation and return electrodes. This strategy has been used extensively with intramuscular and peripheral nerve electrodes. Sometime after the capacitor discharge phase is complete, it is also possible to short together the stimulation and return electrodes.
Biphasic Current Waveforms
The use of current-controlled, biphasic waveforms having cathodal and anodal phases of equal charge/phase is common practice and, within the limits of pulse generators, ensures that the waveform is charge-balanced (Figure 1a) . It is also common practice with biphasic stimulators to use an isolation capacitor between the stimulator and electrode to prevent any net DC current flow. With the introduction of Ir oxide electrodes that require a positive potential bias to maximize charge-injection, this approach had to be modified because a small but continuous current flow is necessary in the interpulse period to sustain the bias. Typically, the bias is applied through a large isolation resistor connected between the electrode and the output side of the DC isolation
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IMPLANTED REFERENCE ELECTRODES
A practical consideration when using an interpulse potential bias is the need for a reference electrode against which the bias is controlled. For in vitro studies, this electrode is usually a commercial Ag|AgCl or saturated calomel (SCE) reference electrode. In vivo, the use of a commercial reference electrode is not possible except in acute measurements where reference electrode contact may be established via the animal's tongue or other adequately conductive surface. capacitor. The use of charge-balanced asymmetric current waveforms has also been suggested by Cogan et al. (73) when using positively biased Ir oxide (Figure 1b) . The waveform retains overall zero net charge for the biphasic pulse, but employs an asymmetry in the current and pulse widths of each phase, with the second phase delivered at a lower current density for a longer period than the leading phase. This strategy minimizes positive polarization of the AIROF by the chargebalancing second phase and permits the use of a more positive bias for cathodal-first pulsing or a more negative bias for anodal-first pulsing to maximize charge injection. An optimum bias of 0.6 V (Ag|AgCl) was identified for cathodal-first pulsing of AIROF microelectrodes using a 1:4 (t c :t a ) asymmetric waveform (73) . It is possible to implement biased waveforms in both in vitro and chronic in vivo preparations (see Implanted Reference Electrodes sidebar).
Monophasic Current Pulses with Biased Waveforms
Monophasic current pulsing from a controlled interpulse bias was employed by Beebe & Rose (72) in their study of AIROF microelectrodes. The waveform is not truly monophasic because charge of the opposite sense to the stimulation pulse is injected when the interpulse bias is reestablished. As discussed above, the use of an interpulse bias requires a small net DC current to sustain a nonequilibrium state of the electrode (the biased state), so the overall waveform is not strictly charge-balanced. Although the use of a potential bias has the disadvantage of requiring a net DC current, it has the advantage of always establishing a fixed electrode potential in the interpulse period. The magnitude of the DC current necessary to sustain an electrode bias is quite small (see Maintaining an Electrode Bias sidebar). The transient portion of the waveform is thus
MAINTAINING AN ELECTRODE BIAS
To maintain a nonequilibrium potential with any practical electrode requires a net current flow across the electrodetissue interface. The magnitude of this current is a consideration in the design of stimulator circuitry and for possible adverse reactions with tissue. Steady-state currents have been measured in vitro and in vivo as a function of bias. To maintain a 0.6 V bias (Ag|AgCl) required 3.4 μA cm −2 in model-ISF and 7.7 μA cm −2 in a subretinal implant of the same electrode, reflecting a difference in buffering capacity or additional oxidation of biomolecules at the in vivo electrode. The magnitude of the currents is quite small, typically <10 nA even for a relatively large 0.001 cm charge-balanced in the sense that the electrode potentials before and after a pulse are always equal. However, this does not mean necessarily that the cathodal and anodal charges are equal, and irreversible reactions and overpulsing of the electrode may still occur (31) . In an effort to develop a stimulation strategy that is intrinsically safe, at least from the perspective of avoiding irreversible electrochemical reactions, Troyk et al. (116) proposed the use of compliance-voltage limited current pulsing. The current waveform is similar to that employed with biased, monophasic pulsing, except that the maximum compliance voltage (driving voltage) is preset to a value that prevents the voltage excursion of the stimulation electrode from exceeding a predetermined limit, selected to avoid electrode damage or water electrolysis.
IN VITRO AND IN VIVO RESPONSE OF ELECTRODES
Most in vitro electrode characterization and long-term testing are carried out in an inorganic physiological saline, usually, but not always, with a buffer present, and often at ambient temperature. The in vivo environment presents important differences: (a) temperature, (b) the presence of organic species, (c) a tortuous diffusion path for charge carriers to the electrode, (d ) the physiological response to a foreign body that results in the encapsulation of the electrode in a gliotic or fibrotic sheath, and (e) uncertain concentration of electrolytes and buffer, including carbon dioxide, near the surface of the electrode.
The most obvious difference in the in vitro and in vivo response of electrodes is the much larger driving voltages required to deliver stimulation pulses in vivo due to tissue resistance. A comparison of AIROF macroelectrodes (GSA = 125,600 μm
2 ) pulsed in model-ISF and subretinally in rabbit demonstrated the need for a factor-of-three-higher driving voltage in vivo to deliver the same charge/phase, as shown in Figure 17 
Figure 18
Comparison of the CV response of an AIROF electrode in PBS, model-ISF, and subretinally in rabbit.
factor of two higher for the same level of charge/phase in the study by Cogan (120) . Two possible reasons for the higher in vivo polarization are biomolecule absorption and reduced counterion transport in the tissue immediately adjacent to the electrode. The rate of counterion transport is equal to the current during a stimulation pulse, and if the current exceeds the rate at which counterions for the intended reversible processes are transported to or from the electrode, the electrode will be polarized until another, possibly irreversible, reaction is recruited to maintain In vivo (subretinal)
Model-ISF
Figure 19
Comparison of the impedance magnitude of an AIROF electrode in model-ISF and subretinally in rabbit. the current. Obviously, Q inj obtained from in vitro measurements cannot be employed in vivo without caution.
Comparison of the CV response of electrodes in vitro and in vivo is also revealing. In Figure 18 , three CVs of an AIROF electrode are compared in PBS, model-ISF, and subretinally in rabbit. The interesting observation is that the shift in the peak potentials of the Ir 3+ /Ir 4+ redox wave (indicated by the arrows) from that obtained in highly buffered PBS is less in vivo than in the model-ISF. This suggests that the in vivo buffering capacity is intermediate between that of model-ISF and PBS and that the Ir 3+ /Ir 4+ redox reaction is more facile in vivo than in model-ISF. This observation is supported by a comparison of in vivo and in vitro impedance spectra, shown in Figure 19 , for an AIROF electrode in model-ISF and subretinally in rabbit. In vivo, the impedance magnitude is larger at higher frequency, reflecting the increased contribution from tissue resistance, whereas at low frequency the in vivo impedance is reduced, presumably due to the greater availability of H + or OH − counterions compared with model-ISF.
CONCLUSIONS
The trend in neural prostheses and electrical stimulation therapies is toward systems having a large number of electrodes that each provide focal stimulation of a small volume of neural tissue and permit the recording of action potentials from single neurons or from small populations of neurons. The use of adaptive prostheses that modulate or initiate stimulation in response to recorded neural signals is also contemplated. Electrode materials for these prostheses have been identified, and their in vitro electrochemical properties relevant to stimulation and recording, as measured in model physiological electrolytes, are generally appropriate for their intended use. However, chronic studies reveal a more complicated situation in which electrode performance and properties vary over time. It is often not clear whether these variations are due to changes in the tissue encapsulating the electrode, degradation of electrode materials, or whether there is a change in the excitability or functional response of the neural tissue.
FUTURE DIRECTIONS
The development of microelectrode-based neural prostheses would benefit from future studies in several areas, including the following:
1. The development of in vivo, nondestructive methods to diagnose the condition of implanted microelectrodes and to identify factors that contribute to temporal changes in electrode properties.
2. The development of techniques to maintain or rejuvenate the low-impedance properties of recording microelectrodes without causing tissue damage. For example, the use of a sustained positive voltage bias reduces the impedance and recovers the recording properties of microelectrodes, but the improvement is temporary and tissue damage is likely with repeated applications of the bias (54) . Other less damaging protocols might be developed that sustain a low-impedance state chronically.
3. For stimulation, methods of charge-injection that limit the polarization of an electrode to within safe electrochemical limits that avoid damage to electrodes and tissue are also desirable. However, in view of the high driving voltages required to overcome tissue impedance during stimulation, it is not certain that intrinsically safe charge-injection protocols can be developed other than through extensive in vivo testing.
4. In vivo measurement of the charge-injection limits of electrodes and how these limits change with time following implantation.
5. A recent and potentially important approach to improving the performance and stability of stimulation and recording microelectrodes is the use of biologically inspired electrode treatments and coatings that moderate adverse tissue responses or enhance the functional performance of electrodes.
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